The development of low-cost and fast photoacoustic microscopy systems enhances the clinical applicability of photoacoustic imaging systems. To this end, we present a laser scanning laser diodebased photoacoustic microscopy system. In this system, a 905 nm, 325 W maximum output peak power pulsed laser diode with 50 ns pulsewidth is utilized as the light source. A combination of aspheric and cylindrical lenses is used for collimation of the laser diode beam. Two galvanometer scanning mirrors steer the beam across a focusing aspheric lens. The lateral resolution of the system was measured to be $21 mm using edge spread function estimation. No averaging was performed during data acquisition.
Introduction
Photoacoustic imaging (PAI) is a fast emerging imaging modality based on the thermoelastic induction of acoustic waves as a result of the absorption of pulsed or modulated optical energy [1] [2] [3] [4] . Optical energy provides the excitation source and the induced acoustic waves are detected via ultrasound transduction [1] . Therefore, the difference in the absorption of tissue constituents provides the optical contrast in PAI.
Photoacoustic imaging is capable of mapping blood vasculature due to the higher absorption of hemoglobin compared to other tissue constituents in the visible and near infrared (NIR) wavelength ranges [1, 5] . Angiogenesis, which is the irregular growing of vasculature in the tumor area, is a significant indicator of cancer development [6] [7] [8] [9] [10] . Hence, photoacoustic tomography (PAT) and photoacoustic microscopy (PAM) have been utilized in oncology [11, 12] for cancer detection and treatment monitoring via mapping tumor angiogenesis in breast [13, 14] , prostate [15] [16] [17] , skin [18] [19] [20] , thyroid [21, 22] , colorectal [23] [24] [25] , pancreatic [25] , cervical [26] , and ovarian cancer [27] [28] [29] [30] [31] [32] .
Out of the 30 different types of ovarian cancer, almost 90% of the cases are epithelial ovarian cancer, which originates from the cells covering the outer surface of the ovary. Unfortunately only about 30 percent of epithelial ovarian cancer cases are diagnosed at early stages [10, 33, 34] . Currently, the standard of care is removal of ovaries of high risk patients. This procedure, however, increases the mortality rate of young women [35] , and therefore, the development of methods to reduce unnecessary surgeries is critical. Given the significance of angiogenesis in epithelial ovarian cancer [8] , Wang et al. demonstrated the potential of a PAM image feature extraction algorithm for classification of normal and malignant ex vivo ovarian tissues [27] .
However, that PAM system included a solid-state laser system (i.e. Ti-Sapphire laser pumped by a second harmonic Nd:YAG laser (LT2211 and LS-2134, Symphotics TII Corp, Camarillo, CA)) and a high precision 3-D linear motor [27] . The system was not only expensive and bulky but also slow on data acquisition. Solid-state lasers can be more compact and fast; however, the cost is still high with prices in the range of $15 K-$40 K. Low-cost and compact PAM systems will facilitate the transition from laboratory tools to clinical devices. There are many clinical applications that could potentially benefit from low cost, compact and fast photoacoustic microscopy and endoscopy systems such as ovarian cancer [27] , skin cancer [18] [19] [20] , cervical cancer [26, 36, 37] , and colon cancer [23] [24] [25] detection and diagnosis. The importance of developing low-cost, compact, and fast photoacoustic imaging systems for enhancing the clinical applicability of photoacoustic imaging in oncology has been emphasized by other researchers as well [11] . Low-cost photoacoustic imaging systems can also encourage biomedical photoacoustic research in developing countries. Additionally, considering the applications of PAI in oncology and the importance of access to affordable medical devices in lowincome countries as stated by the World Health Organization (WHO) compendium of innovative health technologies for lowresource settings, low-cost PAI systems can potentially benefit the realization of Universal Health Coverage (UHC) [38] .
High-power pulsed laser diodes (PLD) have been used as lowcost and compact substitutes for light sources both in PAM and PAT [39] [40] [41] [42] [43] [44] [45] [46] . Wang et al. presented a low-cost laser diode-based PAM system with a 905 nm PLD as the excitation source. However, the signal-to-noise ratio (SNR) and imaging quality of the system was limited mainly due to the optical energy loss in a 60Â microscope objective [41, 42] . Moreover, the need for 128 signal averaging limited the imaging speed of the system. Zeng et al. demonstrated a laser diode based PAM system with a 405 nm PLD as the excitation source which required 512 averaging and had a low imaging speed [43] . Li et al. presented a laser diode based PAM system with a Blu-ray DVD pickup head as the excitation source [45] . This system also required 3000 times averaging for imaging biological tissues. We previously reported a method to obtain a low-loss collimation and focusing for a 905 nm high power PLD that enabled obtaining PAM images of porcine ovarian tissue [42] . However, the aforementioned system also suffered from a low imaging speed. Moreover, the laser diode based PAM systems mentioned above require mechanical scanning of the sample which limits potential clinical applications.
Moving toward clinical in vivo PAM applications requires rapid image acquisition. However, rapid image acquisition also benefits ex vivo clinical and research applications. This is because incised samples should be fixed in formalin soon after the incision in order to preserve the freshness for histology, thus providing only a short imaging time window after the surgery. Faster ex vivo imaging will hence better preserve the sample freshness and morphological information prior to formalin fixation [47] . Here, for the first time to the best of our knowledge, we present a fast laser scanning laser diode-based photoacoustic microscopy system. No averaging is used for obtaining the images. The imaging speed is 370 A-lines per second. The long-reach and low-loss collimation of the PLD beam needed for laser scanning is achieved using a combination of aspheric and cylindrical lenses. Two galvanometer scanning mirrors perform the two-dimensional scanning of the beam across an aspheric focusing lens, hence no need for mechanical scanning of the sample. Photoacoustic microscopy images of human hairs, ex vivo mouse ear, and ex vivo porcine ovary are presented to demonstrate the feasibility of the proposed system for imaging and characterizing biological tissues. The capability of imaging the thin vasculature on porcine ovarian tissue suggests the potential of the proposed low-cost and fast PAM system for characterization and classification of ovarian tissue [27] .
Materials and methods

Laser scanning laser diode photoacoustic microscopy setup
The schematic of the laser diode based photoacoustic microscopy system is depicted in Fig. 1(a) . A 905 nm (AE10 nm), 325 W maximum output peak power pulsed laser diode (Laser components, 905D5S3J08S) is utilized as the excitation source. The laser is pulsed by a PLD driver (D, PicoLas LDP-V 240-100 V3) with 50 ns pulsewidth ( Fig. 1(b) ).
In order to perform laser scanning, the PLD light has to be well collimated for a reasonably large distance. However, the multiple active elements in high power stacked PLDs and the intrinsic anisotropy of their beam [42, 48] are challenges for maintaining a low-loss collimation of the light. The PLD used in this system has a 200 Â 440 mm emitting area. It consists of five active areas, each 200 mm wide. The active areas are stacked vertically with 110 mm vertical separation between consecutive ones. The PLD is first placed inside a collimation tube (CT) with an aspheric lens (A1, Thorlabs, A230TM-B) in order to improve the collimation. This, however, is not sufficient because of the short focal length of the lens, and the rather large vertical separation between the active elements and beam divergence angle. Therefore, to further improve the collimation, four cylindrical lenses are utilized. Two of these lenses (C1 and C3, Thorlabs, LJ11878L2-B and LJ1821L1-B, respectively) act as a Keplerian beam expander in the slow axis direction, and the other two (C2 and C4, Thorlabs, LJ1212L1-B and LJ1105L1-B, respectively) act as a Keplerian beam expander in the fast axis direction. Fig. 1 (a) only shows the changes in the beam in the fast axis direction as the slow axis direction has no vector components in the plane of this two-dimensional illustration. After passing through C4 the entire beam maintains its initial 17 Â 12 mm size for more than 30 cm until it reaches the scanning mirrors and the focusing lens. Two galvanometer scanning mirrors (GM, GSI Group, G330) are used to scan the beam across a 1-inch diameter aspheric lens (A2) with a numerical aperture (NA) of 0.71 (Edmund optics, 66-020) which focuses the beam on the sample (S). The generated photoacoustic (PA) signal is detected by an unfocused ultrasound transducer (Tr) with a center frequency of 3.5 MHz and a bandwidth of 60% (Echo, BI933). Ultrasound gel (G) is used for coupling the PA signal between the sample and the transducer. The transducer and sample are placed on a threedimensional stage (St) for positioning of the sample.
Data acquisition and processing
The PA signal is amplified by an ultrasound pulser and receiver (PR, Panametrics, 5072PR) with 59 dB gain and is digitized by a 65 MHz, 14-bit data acquisition (DAQ) card (Gage-applied, GS8325). The mirrors and the data acquisition card are synchronized by the DAQ PC. A 16-bit multifunction data acquisition card (National Instruments, PCIe 6251) provides a finite number of 1 KHz trigger pulses to a function generator (FG) that feeds the PLD driver. The same trigger signal is sent to the ultrasound receiver. The B-scan signal of the x-axis mirror is a ramp signal from the multifunction DAQ card and it starts and finishes in synchrony with the beginning and end of the trigger pulse train. A-lines are acquired via a multiple acquisition scheme. A-line data are triggered by the trigger output of the ultrasound receiver, stored in the circular buffer of the Gage DAQ card, and transferred to the PC after a B-scan is finished. The y-axis mirror moves in a step-wise fashion after the B-scan data acquisition and saving is performed. Control, data acquisition, and signal processing to form maximum intensity projection (MIP) images are performed in a single code in MATLAB (MathWorks, Natick, Massachusetts, USA). No averaging is performed on the A-line signals. A MATLAB built-in moving average filter is performed on the raw A-line signals to slightly remove the high frequency noise (higher than 8 MHz) and improve the SNR. The final image undergoes a MATLAB built-in median filter. The final imaging speed is approximately 370 A-lines are per second. Therefore, for instance, a 500 Â 200-pixel image can be acquired and displayed in approximately four and a half minutes.
Results
Lateral resolution
The maximum field of view was measured by imaging targets of known sizes and comparing the size of their image to the field of view. A maximum field of view of approximately 4.6 mm Â 3.7 mm AE0.3 mm was obtained. Several measurements were performed and the average value is reported.
The lateral resolution was measured to be approximately 21 mm using edge spread function estimation. The edge of a high contrast target (black tape) was imaged and the one-dimensional crosssectional profile of the image was fitted by an error function, which is considered as the edge spread function (ESF). The first derivative of the ESF represents the line spread function (LSF) and the fullwidth-at-half-maximum (FWHM) of the LSF represents the lateral resolution [49, 50] . Fig. 2(a) shows the PAM image of the edge of the high contrast target. Fig. 2(b) depicts the measured edge response along the dashed line in Fig. 2(a) , the fitted ESF, and the corresponding LSF. The pixel size in Fig. 2(a) is 0.125 Â 6.7 mm in horizontal and vertical directions, respectively. The pixel sizes are governed by the scanning area and the number of A-lines per B-line for the horizontal direction and the number of B-lines for the vertical direction.
Axial resolution
The theoretical axial resolution as derived from the ultrasound transducer is given as 0.88 c/B, where c is the speed of sound in tissue ($1540 m/s) and B is the bandwidth of the transducer [51] . With a 3.5 MHz central frequency and 60% bandwidth (corresponding to 4.1 MHz), the theoretical acoustic axial resolution is $331 mm. Fig. 3(a) shows the PAM image of a thin human hair. The pixel size in Fig. 3(a) is 0.836 Â 2.1 mm in horizontal and vertical directions, respectively. As shown in Fig. 3(b) , FWMH of the onedimensional cross-section of the image along the dashed line is approximately 35 mm. Fig. 3(c) shows the A-line signal from the thin hair target and its envelope obtained from Hilbert transformation. FWHM of the envelope is $220 ns, corresponding to an $339 mm axial resolution [51] , which is very close to the theoretical value. Due to the limited axial resolution of the transducer compared to the lateral resolution, only 2D images are presented in this report. It should be noted that with higher pulsewidths, axial resolutions larger than the theoretical value were obtained, and this would further limit the ability to separate targets at different depths.
Depth of penetration
In order to assess the penetration depth, a black human hair is inserted approximately two millimeters below the surface of a chicken breast and another black human hair is inserted just below the surface to serve as the reference point for depth measurement. Fig. 4(a) and (b) show the side and overhead views of the chicken breast piece, respectively. Fig. 4(c) shows the maximum intensity projection image of the two hairs and Fig. 4(d) shows the B-line image along the dashed line in Fig. 4(c) . The 2-mm axial distance between the hairs is apparent in Fig. 4(d) and the SNR, 20 log (Vsignal/Vnoise), of both hairs is slightly higher than 6 dB. It should also be noted that the hair close to the surface (on the left side of the image in Fig. 4(c) ) appears thicker than the deeper hair (on the right side of the image in Fig. 4(c) ) because the focal spot is set to be closer to the 2-mm deep hair and the hair close to the surface is out of focus considering the 0.71 NA of the focusing lens. The pixel size in Fig. 4(c) 
PAM image of human hairs
PAM image of black human hairs positioned to form multiple branches is depicted in Fig. 5(a) in order to demonstrate the imaging of branch-shaped targets. The hairs were measured to be thinner than 100 mm using a standard caliper. The one-dimensional cross-sectional profile of the image along the dashed line is presented in Fig. 5(b) . FWHM of profiles range between 80 mm to 180 mm. Hairs with thicker profiles in the image were positioned slightly out of focus. The pixel size in Fig. 5(a) is 6.7 Â 18.5 mm in horizontal and vertical directions, respectively.
To further demonstrate the capability of imaging branchshaped targets lying deep in the tissue, crossing black human hairs inserted about 1 mm below the surface of a chicken breast were imaged. Fig. 6 
PAM image of mouse ear ex vivo
Ex vivo PAM image of a mouse ear and its photograph are presented in Fig. 7(a) and (b) , respectively. Mouse ears were obtained from the University of Connecticut animal facility and the institutional oversight was waived. The thin vessels inside the rectangle are all resolved in the image, even the vessels that have lost blood during the incision and appear less clear in the photograph. The pixel size in Fig. 7(a) is 5 Â 12.3 mm in horizontal and vertical directions, respectively. PAM image of another ex vivo mouse ear and its photograph are presented in Fig. 7 (c) and (d), respectively. As it can be seen from the photograph, the ear was imaged from inside rather than outside so that the vessels on the left side of the rectangle in Fig. 7(d) lay deeper in the tissue. However, these vessels, as indicated by solid arrows, are clearly resolved in the image. Moreover, the areas where blood is not continuous in the vessel, as indicated by dashed arrows, are in horizontal and vertical directions, respectively. The SNR for imaging mouse ear ex vivo is $14 dB.
PAM image of porcine ovary ex vivo
To evaluate the capability of the system for imaging ovarian tissue, a porcine ovary was imaged ex vivo. Porcine ovaries were obtained from a local farm and the institutional oversight was waived. PAM image of the ex vivo porcine ovary and its photograph are presented in Fig. 8(a) and (b), respectively. As can be seen, the system is capable of resolving thin vessel branches that are positioned under the tissue surface and are not apparent in the photograph. The pixel size in Fig. 8(a) is 2.9 Â 10.1 mm in horizontal and vertical directions, respectively. The SNR for imaging porcine ovary ex vivo is $18 dB. Fig. 4(c) . Color bars represent normalized PA amplitude. FWHM of the vessel branches indicated by the arrows in Fig. 8(a) are 50-65 mm. Considering the ability to resolve such vessels on the porcine ovary and the $21 mm resolution, the system shows potential sensitivity to arterioles, venules, angiogenic sprouting clusters, and micro-vessel clusters, which are present in tumor angiogenesis [6, 8, 31, [52] [53] [54] [55] [56] . Also most of the vasculature in the sample PAM images of normal and malignant ovarian tissue presented in Ref. [27] , where the authors use feature extraction of PAM images to classify normal and malignant ovarian tissues, are of similar or larger sizes [27] . The FOV of the presented ovarian tissue PAM image is $1.5 mm Â 3 mm. Such an area can potentially contain part of the vasculature feeding or surrounding a tumor site. Therefore, when combined with feature extraction algorithms to analyze the configuration and distribution of the vasculature [27] , the proposed low-cost and fast laser diode based laser scanning photoacoustic microscopy system has the potential of imaging and classification of ovarian cancer, providing an important step towards the clinical application of PAM for studying ovarian cancer.
Discussion
The proposed PAM system offers significant improvement in the imaging speed compared to previously reported low-cost laser diode-based PAM systems [39] [40] [41] [42] [43] , eliminates the need for mechanical scanning of the sample, and has demonstrated the potential for imaging and classification of ovarian tissue. Even though laser scanning PAM systems utilizing conventional solidstate lasers with comparable or higher speeds have been reported previously [57, 58] , this is the first implementation of a fast laser scanning PAM system using a low-cost and small pulsed laser diode. The PLD used in this paper is approximately $540 and the PLD driver is approximately $1350, resulting in a total of $1890, which is significantly lower than the cost of conventional photoacoustic light sources. The proposed system is therefore one step closer to low-cost, compact, and fast PAM devices valuable for clinical use.
A PAT system using a pulsed laser diode as the excitation source (lateral resolution of 180 or 380 mm with a 5 MHz or 2.5 MHz transducer, respectively) has been developed by other researchers [44]. The cost of the PLD used in the PLD-PAT system is $$15 k [44] . Therefore, given that the system proposed here is much less [19, 20, 60, 61] . Currently, we are not aware of any acoustic resolution PAM systems utilizing low-cost PLDs.
The theoretical diffraction limited resolution of optical resolution PAM is estimated as 0.5 l/NA, where l is the wavelength and NA is the numerical aperture of the lens. With a 905-nm wavelength and 0.71 numerical aperture, the diffraction limited resolution is 0.63 mm, which is much smaller than the resolution obtained in this setup. In order to reach the diffraction limit, the laser light should have a Gaussian profile and it should have a very small divergence angle. Using fast/slow axis microlens collimators can improve the beam profile, collimation, and consequently the focusing [62] . Also, using beam expanders with larger expansion ratios can further decrease the divergence angle and improve the collimation and focusing. However, this will increase the beam size and results in more light energy loss due to the limited aperture of the scanning mirrors and the focusing lens. As a future work, a single, small, two-dimensional microelectromechanical system (MEMS) based actuator can be used for laser scanning. Such a scanning mirror can be placed after the focusing lens, therefore light will be scanned after the focusing lens rather than inside it. As a result, the beam can be further expanded before reaching the lens, leading to a smaller divergence angle and a better focusing. It should also be noted that although the focusing lens in this report is a single aspheric lens and introduces less aberrations compared to spherical lenses, it is estimated that the resolution degrades about 20-30 mm near the edges. Using a specific scanning lens (ftheta, etc.) can provide a flatter focal plane for all scanning angles and maintain a fairly similar focal spot even near the edges. However, the relative high cost of such lenses, especially with numerical apertures as high as 0.71, may affect the low-cost nature of the system. Using visible pulsed laser diodes (e.g. 405 nm) would potentially improve the lateral resolution. However, NIR light demonstrates better penetration depth in optical resolution PAM compared to the visible range [63] , which enhances the potential to image vessels lying deeper beneath the surface of the ovarian tissue. Moreover, although the absorption coefficient of hemoglobin is higher in 405 nm compared to 905 nm, available energies of NIR PLDs are higher than those in the visible range [5, 43, 45] . Light emitting diodes (LEDs) have also been reported as photoacoustic light sources [64, 65] , however due to the larger divergence of LED beam compared to laser diodes, it is more challenging to obtain low-loss collimation and tight focusing of LED beam [65] . Moreover, PLDs can have shorter pulsewidths compared to LEDs, which leads to better axial resolution [65] .
In order to obtain better axial resolution for high resolution 3D imaging, higher frequency ultrasound transducers can be employed. Because in this system PA signals are detected in transmission mode and healthy human ovaries are 1.5-2 cm thick and diseased ones can have larger sizes [66] , we have used a relatively low-frequency ultrasound transducer to avoid attenuation of ultrasound waves travelling in the tissue. Considering the current SNR level for ovarian tissue imaging, attenuation caused by higher frequency transducers in the transmission mode will affect the image quality. Higher frequency transducers can be used in a reflection mode PAM setup that does not require the ultrasound waves to pass through the tissue. It has also been shown that application of Wiener deconvolution on the axial direction can provide $1.7 times improvement in the axial resolution [51] . Moreover, an unfocused transducer is used in the current system because while light is scanned on the sample, the ultrasound transducer is stationary. If a focused transducer is used, the detection sensitivity decays rapidly away from the focal spot, hence limiting the field of view. Using a focused transducer confocal with the optical excitation, which is common in reflection mode PAM systems, can potentially provide about 20 dB increase in the detected PA signal level [57, 67, 68] . It should be noted that considering the limited photoacoustic signal level, in order to maintain sufficient SNR without averaging in the reflection mode PAM, efficient coupling of the ultrasound signal to the transducer is necessary. Due to the properties of the PLD, a high numerical aperture lens (1-inch diameter, 17.5 mm focal length, 0.71 NA) is required to reach the desired resolution in the current setup. In the reflection mode laser scanning PAM systems, either the transducer is placed confocal with the optical focus and both light and acoustic wave are steered by the mirror [57] , or the transducer is tilted with respect to the sample [58] . In both forms, low numerical aperture lenses (NA $0.1, focal length 50 mm [57] or 60 mm [58] ) are used so that either there is enough space for the mirror and beam combining components between the lens and the sample [57] or the transducer has a small degree with respect to the sample (30 mm away, 15 tilted [58] ). Therefore, achieving acceptable resolution and efficient ultrasound signal coupling is a challenge that should be addressed in future reflection mode laser scanning laser diode PAM systems. Improving the beam profile and collimation will allow achieving acceptable lateral resolution with lower numerical aperture lenses, hence paving the way for the reflection mode configuration.
The light energy directly from the PLD (without the optical system) was measured to be approximately 16 mJ and the energy delivered to the tissue was measured to be approximately 13 mJ.
Assuming the focal spot to be 0.5-2 mm below the surface of the sample, the maximum surface optical fluence is estimated to be between 1.6-0.1 mJ/cm 2 , which is far below the maximum permissible exposure (MPE) at this wavelength according to the American National Standards Institute (ANSI) safety standard [69] .
Imaging and classification of normal and malignant human ovaries using the proposed system is a future task. The imaging speed can also be further increased. The maximum repetition rate of this PLD is governed by its absolute maximum duty cycle of 0.1%. Therefore, at 50 ns or lower pulsewidths the repetition rate can be increased up to 20 KHz. Considering that no averaging is required in this system, using an improved data acquisition scheme and up to 20 KHz repetition rate of the PLD, the imaging speed can be significantly increased. A laser scanning laser diode-based PAM system using a MEMS-based two-dimensional actuator with improved imaging speed is currently under development to obtain better image quality and imaging speed and move towards a reflection-mode setup.
Furthermore, development and application of photoacoustic contrast agents with absorption peaks near 905 nm can enhance the SNR and image quality of this system [70] [71] [72] [73] [74] . Studying skin and cervical cancer can be other possible applications of a laser scanning laser diode based PAM system [18] [19] [20] 26] . With further developments, endoscopic laser diode-based photoacoustic microscopy systems have great potential to provide angiogenesis distribution of ovarian surface during minimally invasive surgery which can guide surgeons to reduce unnecessary surgeries [27] . Such systems also have great potentials for diagnosis of colorectal [23] [24] [25] , pancreatic [25] , and esophageal [75] cancer.
Summary
A low-cost and fast laser scanning laser diode based photoacoustic microscopy system is presented. The lateral resolution is approximately 21 mm. PAM images of human hairs, ex vivo mouse ear, and ex vivo porcine ovary have been presented. The imaging speed is significantly higher than previously reported laser diodebased PAM systems and the need for mechanical scanning is eliminated. The results indicate the potential of the proposed method for in vivo imaging of biological tissues.
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